Inductive coupling is widely used for powering biomedical implants, but is inadequate when transmitting low-frequency waveforms. We demonstrate that with amplitude modulation, specific waveforms can be transmitted via integrated receiving coils and passive demodulators. An 'inlaid electroplating' process with through-wafer plating is used to reduce internal resistance of microcoils and provide more flexibility for microcoil integration with electronics. Further utilizing link resonance specific to receiving microcoils, selective waveform transmission is demonstrated with a frequency-multiplexing input. Combining two microcoils with switching transistors, biphasic pulses are produced at the output, which has potential application for biomedical electrical stimulation.
Introduction
Inductive coupling is used extensively for transmission of power and data in implanted biomedical instruments, and is often implemented through a transcutaneous transformer. In such a transformer, the primary and secondary coils are physically separated by skin and tissue, with the secondary coil implanted, and the two coils communicate through inductive linkage. There has been considerable research [1] [2] [3] [4] and application [5, 6] regarding inductive coupling with wirewound coils.
As increasing attention is directed towards downscaling of implants, microfabricated coils are gaining popularity for monolithic integration with implanted electronics. Several groups have adopted microfabricated coils as receivers to inductively couple energy and signals to implants [7] [8] [9] . In those reported applications, integrated coils are used for power delivery, so there are no special requirements on the waveforms received at the coils. However, wireless transmission of specific waveforms is desirable for certain applications such as artificial heart monitoring [10] , or in our case transmission of pulses for deep brain stimulation (DBS), which have widths from 20 µs to 1.5 ms, repetition rates from 2 to 2500 Hz and amplitudes from 0.1 to 20 V [11] .
Such long duration waveforms are generally difficult for direct transmission through a transcutaneous transformer for the following reasons. For an equivalent internal resistance of the power supply of R gen , the transformer has a time constant for its primary of τ = L 1 /R gen , where L 1 is the primary inductance. To transmit a waveform, τ must be much larger than the waveform duration to avoid waveform distortion. A large time constant can be obtained by either reducing R gen or using a large L 1 . Minimizing R gen is often limited by the resistance of the primary coil and the power delivery capability of the driving circuit. Alternatively, because of space restrictions for implanted applications, the secondary coils tend to have few turns, and thus small inductance, L 2 . Since the output voltage scales with the effective turns ratio of the transformer (∝ √ L 2 /L 1 ), the primary inductance is often minimized. Therefore, transcutaneous transformers have poor time-domain response when transmitting pulses of relatively long duration. Consequently, waveform transmission is accomplished by implanting and inductively powering a pulse generator inside the body. The pulse generators pre-store a few waveforms that can be selected through an inductive data link from outside [12, 13] . This approach provides some control over waveforms to be delivered when investigating optimum waveforms for electrical stimulation, but more flexibility in waveform programming would be desirable for an investigation of improved neural stimulation.
It is in this context that we have investigated an amplitude modulation scheme to inductively transfer arbitrary waveforms with the configuration schematically shown in figure 1. External control of waveforms is realized by amplitude modulation of carrier signals. The modulated signals are inductively intercepted by microfabricated receiving coils. RC envelope detectors after the integrated coils demodulate the output from the coils and deliver the waveforms to the load, which is expected to be the target brain tissue. The receiving coils and demodulation circuits can be monolithically integrated to minimize the volume of the implanted components.
Conventional planar fabrication yields thin film microcoils that exhibit large internal resistance, and therefore attenuate signals. In order to reduce coil internal dissipation, we have investigated a through-wafer inlaid electroplating process to integrate low-resistance coils with conventional integrated circuit components, which will be presented briefly in the paper. Due to loose inductive coupling and microcoil parasitic capacitance, the inductive link undergoes resonance at a frequency specific to the microcoil, resulting in enhanced outputs.
This feature was utilized to selectively drive microactuators [14] , and we have demonstrated that selective transmission of waveforms can also be realized [15] . While amplitude modulation transmits waveforms of one polarity, electrical stimulation prefers biphasic waveforms for charge balance. Hence, we present here a circuit designed to provide biphasic waveforms from a two-channel modulated input, with individual control of wave shapes in either polarity. Inductive biphasic waveform generation has advantages over implanted microstimulators because of more flexibility with waveform programming and external control. Experimental results on biphasic waveforms are presented later.
Waveform transmission by amplitude modulation
In existing DBS therapies, pulse trains are provided by a pulse generator implanted into a patient's pectoral region [16] . Leads tunnel under the skin from the chest to the top of the skull, connecting the pulse generator with the implanted electrodes. So far, the implantation of pulse generators is indispensable because the pulse trains for DBS have widths from 20 µs to 1.5 ms [17] . When directly transmitting such pulse trains with transcutaneous transformers, the finite coil inductances result in limited system time constants, causing droop and backswing of waveforms during transmission. The transmitted waveform is distorted to relative spikes when waveform duration is much longer than the system time constant. However, using amplitude modulation (AM), we demonstrate the transmission of waveforms of arbitrary pulse length with high fidelity through an inductive link [15] .
The AM circuit implementation for transmitting waveforms is shown in figure 2(a) . Because the secondary coil is an integrated inductor, a lumped-element model as shown in the dashed box is used to account for its parasitic effects [18] , where L 2 is the coil inductance, R 2 is the coil internal resistance and C 2 is the coil parasitic capacitance, respectively. Large R 2 typically associated with integrated coils reduces the output peak, but can be alleviated by our inlaid plating process discussed in the following section.
In the AM transmission scheme, waveforms to be transmitted are externally controlled for their contour, magnitude and duration. The waveforms modulate carrier signals that are impressed across the primary coil. Integrated coils intercept the modulated signals, and a passive envelope detector, composed of a rectifier and a low-pass RC filter [19] , demodulates the waveforms. The demodulated waveforms are then applied across the load (R load ), which represents stimulation probes and brain tissues for our application and is also part of an RC envelope detector. Therefore, using AM, only integrated coils and a few components need to be implanted underneath the scalp to deliver waveforms for DBS. This type of envelope detector can be used with a wide range of carrier frequencies, and there exists a large tolerance for resistance values with a fixed capacitance in the detector. These properties are useful for our proposed application of DBS because the load resistance in the detector, representing brain tissues, varies among patients, and selective waveform transmission to different coils entails a carrier frequency range.
Simplifying the electrical properties of stimulation probes and brain tissue to those of a resistor can be justified by the following. First, the bulk properties of brain tissue are dominantly resistive. For example, at 100 kHz, the capacitive component of current through brain tissue is only about 10% of the resistive component, with one reported value for the complex conductivity of σ * = 0.13 + j 0.014 S m −1 [20] The effect of this capacitive component can be absorbed in the capacitor in the RC filter.
Regarding the probes, the consideration focuses on the voltage drop (over-potential) at the interface between electrodes and brain tissue, modeled as a resistor and capacitor in parallel.
There exist several electrode processes at the interfaces, including double layer capacitive charging, surface sorption (capacitive) and electrode (faradaic) reaction (resistive). The faradaic conductance may dominate the admittance at the interface in the lower Hz, sub-Hz and dc frequency range, and determine the over-potential that is necessary for a certain current to flow [21] . At higher frequencies, capacitive electrode processes become the dominating admittance factor. Because of the thin double layer, the specific capacitance is very high, typically around 20 µF cm is negligible compared with other components in the circuit. The over-potential at the interface can be reduced by adopting non-polarizable electrodes and intentionally roughening the electrode surface to increase the electron transfer area, and its effect is incorporated into the load resistor for our model.
With the secondary side as a reference, an equivalent circuit for the inductive link [22] is illustrated in figure 2(b) . In this equivalent circuit, the output from the secondary inductance L 2 can be regarded as a signal source of magnitude k L2 L1 V 1 being attenuated by a leakage inductance of
where V 1 is the primary voltage. R 2 and C 2 are the resistance and capacitance of the integrated coil, respectively. Later in the paper, the leakage inductance is represented by L leak , where
which is approximately the receiving coil inductance when the coupling coefficient is small. As a common practice in power electronics, the envelope detector is simplified to an ac equivalent resistance R equi , which varies with current (known as rectifier regulation). With single-diode rectification, R equi is about half of R load when the voltage drop across the load is much larger than that of the diode [23] .
At frequencies much lower than the link resonant frequency (see below), R 2 and R equi dominate the current path, and the output voltage of the microcoil is
With a small internal resistance
. The output voltage over R load is V 2 subtracted by the voltage drop over the rectifier. At higher frequencies, C 2 comes into series resonance with L leak , providing an amplified output level. At link resonance, V 2 reaches it maximum,
The link resonant frequency is determined as
Coil line Via E field Equation (2) yields a higher V 2 than equation (1) because of the amplification factor
stemming from the resonance of the microcoils. Equation (2) also indicates that a smaller R 2 boosts the voltage amplification at resonance.
For loosely coupled inductive links, (3), it can be seen that the resonant frequency is determined solely by the characteristics of the receiving coils. This property can be exploited to selectively transmit waveforms to different receiving coils. We assume a carrier frequency at resonance for one of the two coils whose resonant frequencies are sufficiently separated; Let us call the two coils coil hi and coil lo . When the carrier frequency is much higher than the resonant frequency of coil lo , the signal on coil lo will be bypassed by its C 2 . When the carrier frequency is much lower than the coil resonance of coil hi , the signal at coil lo is amplified by a factor on the order of
relative to that at coil hi , where the parameters refer to coil lo . Selective waveform transmission is utilized for biphasic waveform generation in section 4.3.
Fabrication of inlaid microcoils
Microfabricated receiving coils offer reduced sizes of implants and the possibility of future integration with other microdevices to establish a system-on-a-chip. However, due to the planar fabrication process (typically less than 1 µm thickness), integrated coils have non-negligible internal resistance, which dissipates power within the coil and damps the signal delivered to the load. This is especially true for coils of large area. In order to reduce coil resistance, we developed an 'inlaid electroplating' process [18, 24] that can form microcoils of tens of microns thickness while preserving their integrability. Here we expand on the inlaid electroplating process by incorporating a through-wafer via electroplating step that electrically connects both sides of the wafer.
In our work, two microcoil geometries were fabricated. Both have copper lines of 80 µm width on a 100 µm pitch. One coil has ten turns of 10 mm outer sidelength and 8 mm inner sidelength, and the other one has twenty turns of 14 mm outer sidelength and 10 mm inner sidelength. The via-holes are ∼400 × 400 µm 2 , etched through ∼575 µm thick 100 Si substrates.
The process is schematically shown in figure 3 . The first step is to build silicon molds for electroplating. Two etch depths are required, including through-wafer vias and ∼50 µm deep trenches for coil lines. To avoid complications from photolithography over 3D topologies, a buried-mask scheme is adopted. First, ∼1 µm thick SiO 2 is grown on Si wafers ( figure 3(a) ), then the oxide is etched away in the shape of coil lines and vias ( figure 3(b) ). The remaining oxide serves as the mask for trench-etching. Next, a layer of aluminum is deposited over the oxide masks ( figure 3(c) ) and patterned ( figure 3(d ) ) for via-etching ( figure 3(e) ). The vias are etched with the Bosch process (patented by Robert Bosch GmbH [25] ) in an Alcatel A601E deep reactive ion etcher (DRIE). The etching parameters were adjusted during through-wafer etching, such as increasing bias and decreasing chamber pressure with increased etch depth, to maintain etch profiles and rates. Next, the Al masks are removed to expose the buried SiO 2 masks, and the coil molds (trenches) are etched ( figure 3( f ) ) again in the DRIE. The wafer was then oxidized in preparation for electroplating. For through-wafer via plating, a copper seed layer is deposited on the backside of the wafer (opposite to the molds) ( figure 3(h) ), and the wafer is immersed into an acid electroplating tank (sulfuric acid+copper sulfate) with the mold side facing the anode ( figure 3(i) ). The electric field lines penetrate the vias and reach the seed layer. Copper is electrodeposited along the field lines, so columns of copper are formed along the vias.
After the via-plating, another copper seed layer is evaporated onto the mold side and patterned with copper left only at the bottom of the trenches ( figure 3( j) ). The coils are then electroplated and polished (figure 3(k)) with our previously-developed inlaid electroplating process [18, 22] . via, shown in figure 4(d ) , penetrates into the wafer. Also, the resistance between the coils and copper on the backside of the chip is measured as a short (<1 ), indicating that the electroplated vias are continuous.
The impedance characteristics of microfabricated coils were measured. Corresponding to the coil model shown in the dashed box of figure 2(a) , coil elements were extracted as follows: for 10-turn coils, L 2 = 2.2 µF, R 2 = 2.3 , C 2 = 60.5 pF, and for 20-turn coils, L 2 = 9.9 µF, R 2 = 5.9 , C 2 = 238.2 pF. Using equation (3) and R equi = 500 , the coil resonant frequencies are calculated to be 11.4 MHz for the 10-turn coils and 3.26 MHz for 20 turns. The amplification factors at resonance are larger than 1000. We conclude that it is feasible to use these microcoils for selective waveform transmission.
Experiments

Experimental set-up
The transformer for testing is shown schematically in figure 1 . A ferromagnetic core (Philips 3F3) with a cross-sectional area of 8 × 8 mm 2 was used to focus magnetic flux. The primary, or transmitting coil, was wire-wound with 22-gauge copper wire.
For receiving microcoils implanted beneath the scalp, the separation between the transmitting and receiving coils should not exceed a few mm. We measured the coupling coefficient, k, at a separation of 5-15 mm. Due to parasitic effects of integrated coils, we modified the measurement of k from conventional techniques, described briefly as follows [26] .
One popular method of obtaining k is to measure the inductances of one coil with the other one first opencircuited (L 1 ) and then short-circuited (L leak ). The difference in coil inductances between the two measurements is the coil magnetizing inductance, which is related to coupling coefficient as
However, for our inductive link, when the inductances are measured from the primary, the shortcircuit condition of the secondary cannot be satisfied due to non-negligible parasitics of the integrated receiving coil, which are equivalent to the load. To minimize the effect of parasitics, the coupling coefficient is obtained by measuring the inductances of the secondary coil with the primary coil open and then shorted, and extracting the inductances using the equivalent circuit for the microcoil in figure 2(a) . The measured k is plotted in figure 5(a) . As expected, larger coils yield higher coupling, and coupling decreases with separation. It can be seen that the amount of coupling is still useful even up to 15 mm.
For biomedical applications, the interactions between EM fields and biological entities are always a concern. In this case, no effects on coupling were observed when a hand was placed between the transmitting and receiving coils. Also, as our inductive link works at frequencies lower than 10 MHz, no detrimental biological effects are expected.
Maximal coupling is achieved when the transmitting and receiving coils are coaxially aligned. However, some degree of misalignment is expected in transcutaneous applications. To investigate the impact of misalignment, k as a function of lateral deviation from co-axial is measured at a separation of 10 mm, as shown in figure 4(b) . It is seen that the coupling coefficient decreases by only ∼28% with as much as 8 mm lateral misalignment. This results in a similar drop in output voltage according to equation (2) .
For amplitude modulation and demodulation, referring to figure 2(a), the carrier signal is generated by an HP 33120A, and the modulating waveform is provided by Agilent IntuiLink Arbitrary Waveform Editor running on a personal computer. A 1N4148 diode and a discrete capacitance of 4.4 nF were used for demodulation. The equivalent capacitance could be integrated on a Si wafer with an area of 6.4 mm 2 , for an assumed oxide thickness of 50 nm. This is a reasonable size for most implanted devices.
The transmitting coil inductance in this case is only 2 µH, and the time constant of the transmitting coil is calculated to be 0.04 µs with R gen = 50 . Given that typical values of pulse width are 50-90 µs for DBS [27] , waveforms would be severely distorted when transmitted directly through the inductive link. We demonstrate here that such waveforms can be transmitted using amplitude modulation. In the experiments of figure 6, a pulse width of 90 µs was used as a representative value. Experiments with other waveform durations (longer than 10 µs) exhibited little distortion of waveforms.
Waveform transmission by AM
First, the system tolerance on the variations of load resistance was examined. The average resistivities of brain tissue for both gray matter and white matter are about 700 · cm [20] , but can range from 200 to 1200 · cm [28] . Therefore, assuming a stimulation region of 1 cm 3 , three resistances of 200 , 700 and 1200 were chosen as they may cover a reasonable range of resistances in DBS. In fact, Medtronic, Inc. specifies a load resistance of 1 k for the Activa • R DBS system [29] .
An example of the demodulated waveforms is shown in figure 6 (a) in which the loads are 200 , 700 and 1200 . The outputs were taken from a 20-turn microcoil at 3 MHz with an input of 25 V pp . Load regulation was observed in that the output level changed with load, which agrees with equation (2) (represented by R equi ). The lower resistances represent worse cases for output voltage. Operation at higher resistances poses no additional difficulties including rise and fall times of the waveform. The rise and fall times are comparable to R load · C filter , which are on the order of a few µs and do not pose a problem for waveform transmission in our application.
The frequency response of the demodulated signal level is shown in figure 6 (b) for two types of receiving coils at an input 
Biphasic waveform generation
Amplitude modulation provides only one polarity of waveform. However, for electrical stimulation of the nervous system, waveforms with both polarities, or 'biphasic', are desired to maintain charge balance [30] [31] [32] . Utilizing the system resonance demonstrated in section 4.2, a circuit, shown in figure 7(a) , was designed to generate biphasic waveforms with a two-channel modulated input.
The two channels respond to separate carrier frequencies that are the resonant frequencies of the microcoils. The modulated signals are summed and transmitted simultaneously over the link.
One of the waveforms becomes the positive polarity signal and the other negative.
To recover the individual channels of opposite polarity, the demultiplexing process requires bandpass filtering to extract the modulated signal corresponding to a specific channel, which corresponds to the microcoil resonance demonstrated earlier. After rectification, the outputs from both coils are connected with opposite polarities through two switching transistors. The two transistors are also driven by the coil outputs. Therefore, at one coil's resonant frequency, the resonant coil has sufficient voltage to turn on its switching transistor, while the other coil cannot provide enough voltage to drive its transistor, and is thus isolated from the load. Experiments on biphasic waveform generation were performed using discrete circuit elements and inlaid microcoils. N-channel MOSFETs (ALD 1103) were chosen due to their low turn-on voltage of 0.7 V. An example of a biphasic waveform at the load is shown in figure 7(b) . Crossover distortion can be observed due to the threshold voltages of the switching transistors, which can be compensated by shifting the levels of the modulating signals. We have found that a wide range of arbitrary waveforms can be transmitted.
Conclusions
We have demonstrated that it is possible to reduce an implanted pulse generator to the size of a pair of receiving coils with integrated on-chip circuit elements, in coordination with an external unit. Since the coil fabrication process is CMOS-compatible, the implant can be further miniaturized by integrating the dual-coil with the circuit components. Since the output waveform at the load is determined by the input waveform, which can be modified easily outside the body, this scheme has more flexibility in producing waveforms than inductively powering pre-programmed waveform generators.
